Acoustic sensing has taken advantage of the progress made in the last decades in piezoelectric resonators for radio-frequency (rf) telecommunication technologies. The so-called gravimetric technique [2] , which is based on the change in the resonance frequency experimented by the resonator due to a mass attached on the sensor surface, has opened a great deal of applications in bio-chemical sensing in both gas and liquid media.
Introduction
In the fields of analytical and physical chemistry, medical diagnostics and biotechnology there is an increasing demand of highly selective and sensitive analytical techniques which, optimally, allow an in real-time label-free monitoring with easy to use, reliable, miniaturized and low cost devices. Biosensors meet many of the above features which have led them to gain a place in the analytical bench top as alternative or complementary methods for routine classical analysis. Different sensing technologies are being used for biosensors. Categorized by the transducer mechanism, optical and acoustic wave sensing technologies have emerged as very promising biosensors technologies. Optical sensing represents the most often technology currently used in biosensors applications. Among others, Surface Plasmon Resonance (SPR) is probably one of the better known label-free optical techniques, being the main shortcoming of this method its high cost. Acoustic wave devices represent a cost-effective alternative to these advanced optical approaches [1] , since they combine their direct detection, simplicity in handling, real-time monitoring, good sensitivity and selectivity capabilities with a more reduced cost. The main challenges of the acoustic techniques remain on the improvement of the sensitivity with the objective to reduce the limit of detection (LOD), multi-analysis and multi-analyte detection (High-Throughput Screening systems-HTS), and integration capabilities.
Traditionally, the most commonly used acoustic wave biosensors were based on QCM devices. This was primarily due to the fact that the QCM has been studied in detail for over 50 years and has become a mature, commercially available, robust and affordable technology [3, 4] . LW acoustic sensors have attracted a great deal of attention in the scientific community during the last two decades, due to its reported high sensitivity in liquid media compared to traditional QCM-based sensors. Nevertheless, there are still some issues to be further understood, clarified and/or improved about this technology; mostly for biosensor applications.
LW devices are able to operate at higher frequencies than traditional QCMs [5] ; typical operation frequencies are between 80-300 MHz. Higher frequencies lead, in principle, to higher sensitivity because the acoustic wave penetration depth into the adjacent media is reduced [6] . However, the increase in the operation frequency also results in an increased noise level, thus restricting the LOD. The LOD determines the minimum surface mass that can be detected. In this sense, the optimization of the read out and characterization system for these high frequency devices is a key aspect for improving the LOD [7] .
Another important aspect of LW technology is the optimization of the fluidics, specially the flow cell. This is of extreme importance for reducing the noise and increasing the biosensor system stability; aspects that will contribute to improve the LOD.
The analysis and interpretation of the results obtained with LW biosensors must be deeper understood, since the acoustic signal presents a mixed contribution of changes in the mass and the viscoelasticity of the adsorbed layers due to interactions of the biomolecules. A better understanding of the transduction mechanism in LW sensors is a first step to advance in this issue; however its inherent complexity leads, in many cases, to frustration [8] .
The fabrication process of the transducer, unlike in traditional QCM sensors, is another aspect under investigation in LW technology, where features such as: substrate materials, sizes, structures and packaging must be still optimized.
This chapter aims to provide an updated insight in the mentioned topics focused on biosensors applications.
Basis of LW sensors
The Love wave physical effect was originally discovered by the mathematician Augustus Edward Hough Love. He observed an effect caused by earthquake waves far from the epicenter due to the lower acoustic wave velocity of waves propagating along the stratified geological layers [9] . The LW sensor is a layered structure formed, basically, by a piezoelectric substrate and a guiding layer (see Figure 1a ). LW devices belong to the family of surface acoustic wave (SAW) devices in which the acoustic wave propagates along a single surface of the substrate. The piezoelectric substrate of a LW device primarily excites a shear horizontal surface acoustic wave (SH-SAW) or a surface skimming bulk wave (SSBW) depending on the material and excitation mode of the substrate. Both waves have shear horizontal particle dis-placements (perpendicular to the wave propagation direction and parallel to the waveguide surface). This type of acoustic wave operates efficiently in liquid media, since the radiation of compressional waves into the liquid is minimized. LW sensors consist of a transducing area and a sensing area. The transducing area consists of the interdigital transducers (IDTs), which are metal electrodes, sandwiched between the piezoelectric substrate and the guiding layer. The input IDT is excited electrically (applying an rf signal) and launches a mechanical acoustic wave into the piezoelectric material which is guided through the guiding layer up to the output IDT, where it gets transformed back to a measurable electrical signal. The sensing area is the area of the sensor surface, located between the input and output IDT, which is exposed to the analyte.
LW sensors can be used for the characterization of processes involving several layers deposited over the sensing area; such is the case of biosensors. A LW biosensor can be described as a layered compound formed by the LW sensor in contact with a finite viscoelastic layer, the so-called coating, contacting a semi-infinite viscoelastic liquid as indicated in Figure 1b. Each layer has its material properties given by: the shear modulus μ, density ρ and viscosity η. Hence, the subscripts S, L, SA, C and F denotes the substrate, guiding layer, sensing area, coating and fluid layers, respectively. Biochemical interactions at the sensing area cause changes in the properties of the propagating acoustic wave which can be detected at the output IDT.
The difference between the mechanical properties of the guiding layer and the substrate creates an entrapment of the acoustic energy in the guiding layer keeping the wave energy near the surface and slowing down the wave propagation velocity. This guiding layer phenomenon makes LW devices very sensitive towards any changes occurring on the sensor surface, such as those related to mass loading, viscosity and conductivity [5] . The higher the confinement of the wave in the guiding layer, the higher the sensitivity [10] .
The proper design of a LW device for biosensor applications must consider the advances made on these basic elements. Updated information about each one of these elements is then required and can be found in the following sections.
Piezoelectric substrate
Thanks to piezoelectricity electrical charges can be generated by the imposition of mechanical stress. The phenomenon is reciprocal; applying an appropriate electrical field to a piezoelectric material generates a mechanical stress [11] . In LW sensors an oscillating electric field (rf signal) is applied in the input IDT which, due to the piezoelectric properties of the substrate, launches an acoustic guided wave. The guided wave propagates through the guiding layer up to the output IDT where, again due to the piezoelectric properties of the substrate, is converted back to an electric field for measurement. A remarkable parameter of the piezoelectric substrate is the electromechanical coupling coefficient (K 2 ), which indicates the conversion efficiency from electric energy to mechanical energy; its value depends on the material properties. This is an important design parameter in LW sensors, since higher K 2 lead to low loss LW devices and, therefore, more sensitive LW sensors [12] .
When choosing a material for the substrate of LW devices, apart from the desired low losses, other requirements, such as low temperature coefficient of frequency (TCF) have to be considered as well. Special crystal cuts of the piezoelectric substrate material 1 can yield an intrinsically temperature-compensated device which minimizes the influence of temperature on the sensor response, thus improving the LOD [13, 14] .
The shear horizontal polarization required for operation of the LW sensor in liquid media is another aspect to be considered when choosing the substrate material. In this sense, quartz is the only common substrate material that can be used to obtain a purely shear polarized wave [13] . The crystal cut and the wave propagation direction, which depends on the IDTs orientation, define the elastic, dielectric and piezoelectric constants of the crystal, and therefore the wave polarization. Possible cuts which generate a purely shear polarized wave are the AT-cut quartz and the ST-cut quartz. AT-cut quartz and ST-cut quartz are both Y-cuts, rotated 35°15' and 42°45° about the original crystallographic X-axis, respectively.
Initially, LW devices were made in ST-cut quartz [15] , however, ST-cut quartz is very sensitive to temperature (its TCF is around 40 ppm/°C) [16] . This was a restrictive factor in terms of sensor LOD and, thus, temperature-compensated systems based on different quartz cuts and different materials for the substrate such as lithium tantalate (LT), LiTaO 3 , and lithium niobate (LN), LiNbO 3 , were investigated [17] [18] [19] . In particular, AT-cut quartz, 36° YX LT and 36° YX LN were proposed, the last two corresponds to specific cuts of LT and LN materials [10] . Table 1 LN substrates have higher coupling factor and low propagation loss than LT and quartz substrates. However, these substrates are extremely vulnerable to abrupt thermal shocks.
The low insertion loss, very large electromechanical coupling factor K 2 and low propagation loss which characterize 36° YX LT substrates [20] provide advantages over other substrates such as quartz cuts, where exquisite care in the fluidic packaging is required to prevent excessive wave damping [21] . For this reason, LT seems to be the substrate material of choice in high-loss applications due to its high coupling factor K 2 , while in low-loss applications quartz may exhibit better wave characteristic [22] . The main shortcomings of 36° YX LT substrates are: they do not generate a pure shear wave, which increases the damping when is liquid loaded; and they have a poor thermal stability due to their high TFC (-30 to -40 ppm/°C [19] ) if compared with AT-quartz.
From the point of view of thermal stability, AT-cut quartz seems to be the most appropriate due to its very low TCF [14] . Although the coupling coefficient of the AT-cut quartz is the lowest compared to other cuts, in our opinion, AT-cut quartz is currently the most suitable substrate for LW biosensing applications among the mentioned substrates, for several reasons: 1) it is capable of generating pure shear waves, diminishing the damping when is liquid loaded; 2) its thermal stability is the highest one, which improves the LOD; 3) the mass sensitivity of quartz substrates is significantly high than that of LT substrates [17, 23] ; and 4) LT and LN substrates are extremely fragile and must be handled with great care during the device fabrication to prevent them from breaking in pieces.
Interdigital transducers
Interdigital transducers (IDTs) were firstly reported in 1965 by White and Voltmer [24] for generating SAWs in a piezoelectric substrate. An IDT, in its most simple version, is formed by two identical combs-like metal electrodes whose strips are located in a periodic alternating pattern located on top of the piezoelectric substrate surface. Figure 2a shows the structure of a single-electrode IDT which consists of two strips per period p and acoustic aperture W. The strip width is equal to the space between strips (p/4). One comb is connected to ground and the other to the center conductor of a coaxial cable where a rf signal is provided. A pair of two strips with different potential is called a finger pair.
The IDT electric equivalent circuit is explained in reference [25] . Figure 2b shows the IDT frequency response, where A(f) is the electrical amplitude of the rf signal. The maximum in A(f) occurs when the wavelength λ of the generated acoustic wave is equal to the period p and this arises at the so called synchronous frequency f s . In relation to the bandwidth B of an IDT frequency response, this will be narrower when increasing the number of finger pairs N. However, there is a limitation in the maximum N recommended, due to the fact that, in practice, when N exceeds 100, the losses associated with mass loading and the scattering from the electrodes increase. This neutralizes any additional advantage associated with the increase of the number of the finger pairs.
Due to symmetry of the IDT in the direction of propagation, the LW energy is emitted in equal amounts in opposite directions, giving an inherent loss of 3 dB. In a two-port device this factor contributes 6 dB to the total insertion loss [25, 26] .
Aluminum has been widely used as IDTs material and has been extensibility demonstrated in literature as suitable for SAW generation. Aluminum has an ability to resist corrosion and is the third most abundant element on Earth (after oxygen and silicon). It also has a low cost compared to other metals. The metallic layer of the electrodes must be thick enough to present a low electric resistance, but sufficiently thin to avoid an excessive mechanic charge for the acoustic wave (acoustic impedance breaking) [27] . Generally, a thickness between 100 and 200 nm of aluminum is employed.
There are a number of second-order effects, which are often significant in practice, that affect the transducer frequency response. The effect for which the transducer strips reflect surface waves causing mechanical and electrical perturbations of the surface is called electrode interaction [30] . Usually, these unwanted reflections cancel each other over wide frequency bands and become negligible. However, in a certain frequency band, the scattered waves are in phase, adding them constructively and causing very strong reflection (Bragg reflection) which distorts the transducer frequency response. For a single-electrode IDT (see Figure 2a ), this situation occurs at the resonance condition λ = p. Thus, double-electrode (or double finger pair or split-electrode) IDTs are used to avoid this unwanted effect. In double-electrode IDTs there are four strips per period (see Figure 2c ) and thus, the Bragg reflection can be suppressed at the LW resonance frequency [28] . One disadvantage of the double-electrode is the increased lithographic resolution required for fabricating the IDTs [29] .
Another significant second-order effect is the generation of the triple-transit signal. In a device using two IDTs, which is the case of a LW device, the output IDT will in general produce a reflected wave, which is then reflected a second time by the input IDT. Thus, a reflected wave reaches the output IDT after traversing the substrate three times, giving an unwanted output signal known as the triple-transit signal [26] . This effect is reduced by making the input and output IDT separation large enough.
at the ends of the IDTs (see Figure 2d ). These components have generally less finger pairs than the IDTs. The space periodicity of the reflectors is equal than in the IDTs [30] . Very narrow low-loss pass band can be realized in a two-port device, when the device is designed so that the reflectors resonate at the IDT resonance frequency, since the transfer admittance becomes very large [28] .
Guiding layer
The difference between the mechanical properties of the piezoelectric substrate and the guiding layer generates a confinement of the acoustic energy in the guiding layer, slowing down the wave propagation velocity, but maintaining the propagation loss [32] . In particular, the condition for the existence of Love wave modes is that the shear velocity of the guiding layer material (v L = (μ L /ρ L ) 1/2 ) is less than that of the substrate (v S = (μ S /ρ S ) 1/2 ) [31] . When both materials, substrate and guiding layer, have similar density the ratio μ S / μ L determine the dispersion of the Love mode; a large value of that ratio (higher μ S and lower μ L ) leads to a stronger entrapment of the acoustic energy [32] and thus, greater sensitivity. Hence, the benefit of the guiding layer is that an enhanced sensitivity to mass deposition can be obtained [33] , but also to viscoelastic interactions. [25] ). b) Frequency response of an IDT (positive frequencies), where A(f) is the electrical amplitude (modified from [25] ). c) Double-electrode IDT with period p, electrode width equal to space between electrodes and aperture W. d) Two grating reflectors are place at both ends of the IDTs (modified from [30] ). Love Wave Biosensors: A Review http://dx.doi.org/10.5772/53077 283
The effect of the guiding layer on Love modes influence the substrate coupling factor K 2 , increasing it [14] . Also influence the temperature behavior, since modifies the TCF compared to their parent SSBWs device.
In relation to the materials used for the guiding layer, those with a low shear velocity and low insertion loss seem to be the most promising materials for developing sensitive biosensors [22, 32, 34] . Materials such as polymers [35] , silicon dioxide (SiO 2 ) [17] , gold (Au) [36] and zinc oxide (ZnO) [37, 38] have been used as guiding layers [21] . In Table 2 some properties of these materials are presented 2 . The use of polymers (like Novolac, polyimide, polydimethylsiloxane (PDMS) and polymethylmethacrylate (PMMA)) is interesting from the point of view of the sensitivity, since they have low shear velocity. Additionally, some polymers, like Novolac photoresist, are very resistant to chemical agents [39, 40] . However, polymers have high acoustic damping (losses) [39] and this is a clear disadvantage for biosensing application. Guiding layer/substrate structures made with ZnO as guiding layer have some advantages over those with a different material. This is the case of ZnO/ST-quartz structure, for which significantly high sensitivity, small TCF and high K 2 were reported [38] . ZnO/LT devices were also found to have higher mass sensitivity than SiO 2 /LT [23] . However, ZnO has several disadvantages: it is CMOS contaminant, a semiconductor, and thus, it can deteriorate the efficiency of the transducers and make some artifacts. In addition, it gets easily rough when sputtered and it is very reactive with acids, liquids, or moisture, so it will dissolve if exposed to water or humid environment, which is a big problem in biosensors application. Regarding Au guiding layers, they provide very strong wave guiding, since Au has a relatively low shear acoustic velocity and a high density. However, it couples the rf signal from input to output IDT.
Guiding layer material μ L (GPa) ρ L (kg/m3) v L (m/s)
Silicon dioxide (SiO 2 ) -also known as fused silica-is a standard material in semiconductor industry and offers low damping, sufficient low shear velocity and excellent chemical and mechanical resistance [41] . It is the only native oxide of a common semiconductor which is stable in water and at elevated temperatures, an excellent electrical insulator, a mask to common diffusing species, and capable of forming a nearly perfect electrical interface with its substrate. When SiO 2 is needed on materials other than silicon, it is obtained by chemical vapor deposition (CVD), either thermal CVD or Plasma enhanced CVD (PECVD) [42] . The main shortcoming for SiO 2 is that the optimum thickness, at which the maximum sensitivity is reached, is very high (see Section 5), so this complicates the manufacturing process. Nevertheless, at the present, we consider that SiO 2 is the most appropriate material for LW biosensors guiding layer, mainly due to its low damping and excellent chemical and mechanical properties [42] .
Sensing area
The sensing area can be made of different material than the guiding layer. Sensing layers have been reported composed of materials like PMMA [43] and SU-8 [44] , but the most commonly employed is gold (Au). Generally, the thickness of this layer varies from 50-100 nm and 2-10 nm of chrome (Cr) or titanium (Ti) is needed to promote adherence to the guiding layer. Au surfaces are very attractive candidates for self-assembly due to their metallic nature, great nobility, and particular affinity for sulphur. This aspect allows functionalization with thiols of various types and adhesion to diverse organic molecules, which are modified to contain a sulphur atom. These coatings, assembled onto the gold surfaces, can serve as biosensors [36] . Immobilization techniques on gold for biosensing are quite common and much utilized in the scientific community. However, immobilization techniques on different materials, like SiO 2 , could greatly simplify the LW biosensors fabrication. Figure 3a shows a configuration of a two-port LW device where it behaves as a delay line. D is the distance between input and output IDT and L is the center-to-center distance between the IDTs. Thus, the sensor is a transmission line which transmits a mechanical signal (acoustic wave) launched by the input port (input IDT) due to the applied rf electrical signal. After a time delay the traveling mechanical wave is converted back to an electric signal in the output port (output IDT). In general, changes in the coating layer and/or in the semi-infinite fluid medium (see Figure 1b ) produce variations in the acoustic wave properties (wave propagation velocity, amplitude or resonant frequency). These variations can be measured comparing the input and output electrical signal, since phasor V in remains unchanged, while phasor V out changes. Thus, from an electric point of view, a LW delay line can be defined by its transfer function H(f) = V out /V in , which repre-sents the relationship between input and output electrical signal. H(f) is a complex number which can be defined as H(f) = Ae jφ , being A = |V out /V in | the amplitude and φ the phase shift between V out and V in . In terms of voltage, the insertion loss (IL) in dB is given by 20 log 10 (A). Figure 3b , presents the frequency response of an AT-cut Z' propagating/SiO 2 LW device designed a fabricated by the authors of this chapter. In biosensors, biochemical interactions at the sensing area will modify the thickness and properties of the coating, and therefore variations in the amplitude and phase of the electrical transfer function can be measured. These variations can be monitored in real time, which provides valuable information about the interaction process.
Measurement techniques
The LW delay line can be used as frequency determining element of an oscillator circuit (closed loop configuration). Effectively, in an oscillator circuit the LW device is placed as a delay line in the feedback loop of an rf amplifier in a closed loop configuration [10, 45] . Therefore, a change in the wave velocity, due to a sensing effect, produces a time delay in the signal through the LW device which appears as phase-shift; this phase-shift is transferred in terms of frequency-shift in an oscillator configuration. The oscillator is, apparently, the simplest electronic setup: the low cost of their circuitry as well as the integration capability and continuous monitoring are some features which make the oscillators an attractive configuration for the monitoring of the determining parameter of the resonator sensor, which in the case of the LW device is the phase-shift of the signal at resonance [46] [47] [48] [49] . However, due to the following drawbacks, in our opinion, the oscillators are not the best option for acoustic wave sensor characterization: 1) they do not provide direct information about signal amplitude; 2) they, eventually, can stop oscillation if insertion losses exceed the amplifier gain during an experiment; and 3) despite of the apparent simple configuration, a very good design is necessary to guarantee that a LW resonator will operate at a specific frequency, and this is not a simple task. In effect, in the same way than in QCM oscillators it is required to assure that the sensor resonates on one defined resonance mode and does not "jump" be-tween spurious resonances [7] , in LW oscillators one must assure that the sensor will operate at one phase ramp in the sensor response band-pass, and does not jump from one to another which are almost of identical characteristics (see Figure 3b ). Moreover, when the resonator dimensions get smaller and the frequency increases this becomes more difficult to achieve, since when increasing frequency there is a decrease of the resonator quality factor, a decrease in frequency stability [50] and in LW the ramps become nearer to each other.
In an open loop configuration, the input transducer is excited at a fixed frequency while the phase shift between V out and V in , φ, is recorded [32] . In this configuration, in the absence of interferences, phase variations measured experimentally can be related to changes in the physical properties of the layers deposited over the sensing area. [51] . A read out circuit based on this technique for high frequency liquid loaded QCM devices has been developed by the same authors [52] , and tested with LW devices with very satisfactory results [53] . The main advantages of this read out circuit are its low cost, high integration, small size, calibration facility and the possibility of being used as an interface for multi-analysis detection.
Modeling methods
As mentioned, there is an open research field regarding the employed materials, and its physical and geometric properties for achieving more optimized LW devices for biosensors applications. For instance, the thickness of the Love-wave guiding layer is a crucial parameter that can be varied to achieve a more sensitivity device. The fabrication of LW sensors is complex and expensive due to their micro sizes [54] ; therefore, simulations and modeling of LW devices as previous steps to their production could be very valuable. Models allow relating changes in some characteristics of the wave, as the velocity, with changes in the physical properties of the layers deposited over the sensing area, and thus, provide information about the sensing event. Nevertheless, modeling LW devices commonly requires simplified assumptions or the use of numerical methods [23] due to the complex nature of SAW propagation in anisotropic and piezoelectric materials.
In this section, information regarding the current most popular models used for modeling LW sensors is provided: the transmission line model, the dispersion equation and the Finite Element Method.
Transmission line model
It is well known that the propagation and attenuation of acoustic waves in guiding structures can be obtained by equivalent transmission line models [8, 55] . The theory of sound wave propagation is very similar mathematically to that of electromagnetic waves, so tech-niques from transmission line theory are also used to build structures to conduct acoustic waves; and these are also called transmission lines. The transmission line model (TLM) for acoustic waves take advantage of the concepts and techniques of proven value in electromagnetic microwaves to corresponding problems in elastic guided waves [8] .
A transmission line is characterized by its secondary parameters which are the propagation wavevector k (when scalar wavenumber) and the characteristic impedance Z c (see Figure 4a ). It is important to mention that these parameters do not depend on the transmission line length.
In each plane of an electric transmission line it is possible to define a magnitude for a voltage and other for the current in the line. For acoustics transmission lines current and voltage in electromagnetic are replaced by the particle velocity v p and the stress -T J , respectively, where J indicates de stress direction (J = 1, 2,..., 6) [55] . In an acoustic transmission line Z c represents the relation between the stress -T J and the particle velocity v p of the material, and k quantifies how the wave energy will be propagated along the transmission line. To quantify the variations of -T J and v p when the wave propagates through the transmission line, the lumped elements models presented in Figure 4b and 4c are introduced. Figure 4b corresponds to the series model, and Figure 4c to the parallel model. The lumped elements of these models are called the transmission line primary parameters, which are dependent on the line length. Analyzing the parallel model of Figure 4c , the following coupled differential equations are obtained:
where Z=jωL, Y=G+jωC and ω=2πf. Being Z, L, Y, C, G, f, the impedance, inductance, admittance, capacitance and conductance per unit of length, respectively and f the frequency of T J and v p .
The solutions for these equations are given by: where T + and Tare arbitrary values for the intensity of the incident an reflected waves, respectively. The linear propagation exponent or complex propagation factor γ is directly related to the wavevector (γ=jk) and is given by γ = (ZY) 1/2 = α + jβ. The real part of γ, denoted as attenuation coefficient α, represents the attenuation suffered by the wave when propagating through the transmission line. The imaginary part of γ, denoted as phase coefficient β, when multiplied by a distance, quantifies the phase shift that the wave suffers when traveling that distance. The characteristic impedance of the line Z c is given by Z c =(Z/Y) 1/2 . First row of Table 3 shows the relationship between primary and secondary parameters of a transmission line for the series and parallel model.
The relation between the secondary (or primary) parameters and the properties of the transmission line materials is achieved by comparing Eqs. (1) with the motion equations of the LW assuming isotropic layers [55] . These relations are given in the second row of Table 3 for the series and parallel model. Table 3 . Equivalent transmission line model parameters in terms of the layer properties. Figure 5a shows a simplify description in which a LW propagates in a waveguide structure. Two assumptions were made: 1) the materials in the figure are isotropic (for piezoelectric substrates this assumption is valid because of a low anisotropy) and 2) the main wave propagating in the z direction results from the interaction of two partial waves with the same component in z direction and opposites components in y direction [12] .
Series model Parallel model
If all the properties of the layers which are involved in the LW transmission line are known, it is possible to obtain the phase velocity of the Love mode v φ . The LW propagates in each layer i of the device in two directions z and y. In the case of a typical biosensor the device consists of 5 layers with the subscripts i equal to: S for the substrate, L for the guiding layer, SA for the sensing area, C for the coating and F for the fluid. Direction z is known as the longitudinal direction and direction y as the transverse direction. The wave does not find any material properties change in the longitudinal direction; hence it propagates in this direction acquiring a phase shift and attenuation (in case of material with losses). However, in the transverse direction a stationary wave exists when the resonance condition is met. Thus, each layer counts with two transmission lines, one in the transverse direction and the other in the longitudinal direction. When a wave propagates in y' direction (see Figure 5a ), as it happens with the partial waves of a layer i, k i has that same direction (see Figure 5b ), and therefore, it has components in z and y directions. In this way, the secondary parameters of each transmission line are determined from the projection of the parameter in the proper direction. The relation between the wavevector and the wave velocity is k i =ω/v i . Therefore, k i and v i have the same directions, so the wave velocity in y' direction also has components in z and y.
Equations (3) and (4) give the expression of the secondary parameters and wave velocity in the transverse and longitudinal directions, respectively: cos , cos , cos
sin , sin , sin
The angles θ i are called complex coupling angles and depend on the material properties of each layer, but also on the material properties of the adjacent layers, since in each interface the Snell's laws have to be satisfied. In isotropic solids, the incident and reflected waves must all have the same component of k i in the longitudinal direction [55] ; therefore: 
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These conditions, together with the transverse resonance relation [8] obtained from the transmission line models in the direction of resonance (transverse direction) (see Figure 6 ) provides the phase velocity of the Love wave v φ .
The transverse resonance relation establishes that:
where Z → represents the acoustic impedance seen by the wave at the right of the plane P and Z ← the acoustic impedance seen by the wave at the left of the plane. This relation states that the acoustic impedances looking both ways from some reference plane P must sum to zero. The location of P is arbitrary. The solution of applying this condition provides an angle θ i for one layer, depending on where P was located. From the material properties of each layer and applying the Snell's laws the angles for the rest of the layers can be found. Once these angles are known the z and y components of k i and v i can be obtained, and thus the phase velocity v φ . Assuming that almost all the energy of the wave is confined in the waveguide, the phase velocity can be defined as the wavefront velocity of the acoustic wave propagating in the guiding layer, which in this case propagates in the z direction. In lossless materials k iz and k iy are real numbers and therefore v φ is given by: Figure 6 . Equivalent transmission line model of the LW layered structure in the direction of resonance y. The lines are connected in series to satisfy the boundary conditions and the two semi-infinite layers are loaded with its characteristic impedance.
When the material has losses, k iz and k iy are complex numbers with real and imaginary parts, and then the attenuation coefficients appear:
In this case, the phase velocity is given by: 
On the other hand, the attenuation of the Love Wave α LW is considered to happen mostly in the propagation direction z, since in the resonance direction, y, a stationary wave takes place. Therefore:
Thus, following this procedure it is possible to obtain the phase velocity and attenuation of a LW propagating in a layer. Nevertheless, to complete this, it is necessary to know the material properties of all the layers which integrate the LW device. However, when the device is used as a sensor, and in particular in biosensor applications, the coating layer properties are unknown parameters. Thus, quantifying the variations suffered by the mechanical and geometric layer properties over the sensing layer when measuring the electrical parameters is what is really interesting.
Variations in amplitude and phase of the transfer function H(f) = V out /V in (due to perturbations in the acoustic wave) can be monitored in real-time. These perturbations can occur due to variations of the mechanical and geometrical properties of the layers deposited over the sensing area. Such physical changes affect the propagation factor of the wave, and thus, the attenuation and phase velocity of the Love Wave. Next, the relations between LW electrical parameters defined in Section 3 (φ and IL) and the complex propagation factor are explained.
The relation between the output and input voltage in a delay line (DL) of length z can be modeled by its transfer function H DL (f) in the following way:
where γ corresponds to the propagation factor of the wave in the line, which in this case corresponds to that of the guiding layer in the z direction γ Lz . Assuming that the transfer function of the input and output IDTs is equal to unit [26] , the relation between the electrical signal in the output and input IDTs H(f) is the same than the one for the delay line: 
The increment in IL/z and φ/z from a non perturbed state γ Lz0 to a perturbed state γ Lz1 is the following:
The last set of equations provides a relation between the experimental data and the physical parameters of the layers. The extraction of the layers physical parameters is a major problem. Assuming that the physical properties of the substrate, guiding layer, gold and fluid medium are known and that these properties do not change during the sensing process, which can be the case in biosensing, still the parameters of the coating layer are not known. In comparison, the wave propagation direction in QCM coincides with the resonant direction. Therefore, for low frequency QCM applications it is possible to assume that the biochemical interaction is translated to simple mass changes, since it is reasonable to assume that the thickness of the coating layer is acoustically thin. This simplifies enormously the parameters extraction. However, in LW sensors, this assumption is not valid, and then the only two experimental data obtained in LW devices (Eq. (14)) are not enough to extract the unknown parameters of the coating. This, together with the complex equations which relate the measured data with the material properties, results in a complex issue that, to our knowledge, is not yet solved. Hence, there is an open research field of great interest related to this issue.
Dispersion equation
The dispersion equation provides the wave phase velocity as a function of the guiding layer thickness. The procedure for obtaining this equation for a two-layer system (guiding layer and substrate) is detailed in reference [56] . Broadly, this equation is reached after imposing the boundary conditions to determine the constants appearing in the particle displacement expressions of the waveguide and the substrate. These displacements are the solution of the equation of motion in an isotropic and non-piezoelectric material. Af-ter extensive algebraic manipulation [56] , the dispersion equation for a two-layer system is found, resulting [57] :
where k Ly is the guiding layer transverse wavenumber in y direction, given by:
Taking into account the relation between the frequency and wave wavelength, f = v φ /λ, the argument of the tangent in Eq.(15) can be written as:
where the ratio d/λ is the normalized guiding layer thickness.
From the dispersion equation, the phase velocity can be solved numerically. On the other hand, the group velocity, v g , as a function of the normalized guiding layer thickness can also be determined from the phase velocity by the formula [34] :
The phase velocity and group velocity of an AT-cut quartz/SiO 2 Z' propagating layered structure were calculated using the dispersion equation (Eq. (15) This figure provides information about the changes in the wave phase velocity due to changes in the guiding layer thickness. Assuming that the perturbing mass layer deposited over the sensing area is of the same material than the guiding layer, this equation will provide information over the sensing event. Nevertheless, this assumption is far from the biosensors reality, where the consideration of a five-layer model is required (see Figure 1b ). [33] . When the substrate piezoelectricity is not considered, the dispersion equation is simplified. This can be the case of quartz substrates, which piezoelectricity is low. However, as the piezoelectricity of a substrate increases (like in the case of LT and LN), neglecting piezoelectricity, or assuming it is accounted for a stiffening effect in the phase velocity, may be less valid [58] . Liu et al. provided a theoretical model for analyzing the LW in a multilayered structure over a piezoelectric substrate [58] . Nevertheless, in our opinion, for those applications with a high number of layers, as in the case of biosensors, the use of the TLM is more convenient, since it is a very structured and intuitive model where the addition of an extra layer does not make the procedure more complex. From the programming point of view, this is an enormous advantage.
The phase velocity provided by the dispersion equation can be used to determine the optimal guiding layer thickness, which provides a maximum sensitivity. This issue will be addressed in Section 5.
LW sensor 3D FEM simulations
The models mentioned before, applied simplifying assumptions like considering the device substrate as isotropic and neglecting the substrate piezoelectricity. This makes the models far from the LW device reality. For a more accurate calculation of piezoelectric devices operating in the sonic and ultrasonic range, numerical methods such as finite element method (FEM) or boundary element methods (BEM) are the preferred choices [59] . The combination of the FEM and BEM (FEM/BEM) has been used by many authors for the simulation of SAW devices [60] . Periodic Green's functions [61] are the basis of this model. However, the FEM/BEM only applies to infinite periodic IDTs and it is a 2 dimensional (2D) analysis. Thus, this method is only an approximation of a real finite SAW device.
Simulations of piezoelectric media require the complete set of fundamental equations relating mechanical and electrical phenomena in 3 dimensions (3D). The 3D-FEM can handle these types of differential equations. The FEM formulation for piezoelectric SAW devices is well explained in [59] . In general, the procedure for simulating LW devices using the 3D-FEM is the following: 1) the 3D model of the device is build using a computer-aided design (CAD) software; 2) the 3D model is imported to a commercial finite element software, which allows piezoelectric analysis; 3) the material properties of the involved materials are introduced in the software; 4) the convenient piezoelectric finite element is selected; 5) the model is meshed with the selected finite element; and 6) the simulation is run in the software. As result the software obtains the particle displacements and voltage at every node of the model.
Although 3D-FEM simulations are extremely useful tools for studying LW device electroacoustic interactions, LW simulations in real size are still a challenge. Delay lines in practice are of many wavelengths and simulate them would require having too many finite elements. Thus, further efforts are required in order to achieve simulations able to reproduce real cases, which do not consume excessive computational resources. Nevertheless, some authors have simulated scaled LW sensors using this method [62-65].
Sensitivity and limit of detection
A key parameter when designing a LW biosensor is the device sensitivity [13] . In general terms, the sensitivity is defined as the derivative of the response (R) with respect to the physical quantity to be measured (M):
It is possible to have different units of sensitivity depending on the used sensor response. E.g. for frequency output sensors, frequency (R = f), relative frequency (R = f / f 0 ), frequency shift (R = f -f 0 ) and relative frequency shift (R = ( f -f 0 )/ f 0 ) can be found, being f 0 the non perturbed starting frequency. Hence, four different possibilities of sensitivity formats are possible, and therefore it is extremely important to mention which case is been used in each application.
The sensitivity of LW sensors gives the correlation between measured electric signals delivered by the sensor and a perturbing event which takes place on the sensing area of the sensor. A high sensitivity relates a strong signal variation with a small perturbation [32] . Depending on the used electronic configuration, the electrical signal measured in LW devi-ces can be: operation frequency, amplitude (or Insertion Loss), and phase. From this signal, and using the theoretical models, the phase velocity and group velocity can be obtained (see Sections 4.1 and 4.2).
When the sensor response R is the phase velocity, and the perturbing event which takes place on the sensing area is a variation of the surface mass density of the coating σ (σ=h ρ C ), the velocity mass sensitivity S v σ of a LW device at a constant frequency is given by [32, 66] :
where v φ0 is the unperturbed phase velocity and v φ is the phase velocity after a surface mass change.
Hence, S v σ has units of m 2 /kg. In Eq. (20) partial derivatives have been considered as the phase velocity depends on several variables. The surface mass sensitivity reported for LW devices in literature are between 150-500 cm 2 /g [45, 67] .
In sensor applications the phase velocity shift must be obtained from the experimental values of phase or frequency shifts. For the closed loop configuration, where the experimentally measured quantity is the frequency, the frequency mass sensitivity S f σ is defined as:
Jakoby and Vellekoop [66] noticed that the sensitivity measured by frequency changes in an oscillator (Eq. (21)) differs from the estimated velocity mass sensitivity (Eq. (20)) by a factor v g /v φ , since Love modes are dispersive. Thus, a typical 10% difference can be noted between
For the open loop configuration, where the experimentally measured quantity is the phase, the phase sensitivity (also called gravimetric sensitivity) S φ σ in absence of interference is defined as:
where D is the distance between input and output IDT (see Figure 3 ) and k Lz is the wavenumber of the Love mode, therefore k Lz D is the unperturbed phase φ 0 .
The theoretical mass sensitivity of LW devices, derived from the perturbation theory [55] , can be determined from the phase velocity according to [57] : where k Ly is the wavenumber in the guiding layer (Eq. (16) ) and k Sy is the wavenumber in the substrate (Eq. (24) ). The minus sing in Eq. (23) indicates that the phase velocity of the perturbed event due to an increment in the surface mass density is less than the unperturbed phase velocity (Δv φ = v φ -v φ0 ).
The phase velocity can be obtained with the dispersion equation (see Figure 7 ) or transmission line model. Once the phase velocity is known, the mass sensitivity curve can be obtained using Eq. (23). In Figure 8 , the dependence of the sensitivity with the guiding layer thickness for an AT-cut quartz/SiO 2 Z' propagating structure is depicted. A maximum mass sensitivity S v σ of -39.44 m 2 /kg is observed at d/λ of 0.171 which corresponds to a d = 6.84 μm. The phase velocity at d/λ = 0.171 is v φ = 4140 m/s (see Figure 7 ) which leads to a synchronous frequency f s = v φ /λ = 103.5 MHz. Thus, as mentioned previously, for very small thicknesses compared to the wavelength, the acoustic field is not confined to the surface and deeply penetrates into the piezoelectric substrate, resulting in low mass sensitivity [68] . If the thickness is increased the sensitivity rises, as the acoustic energy is more efficiently trapped in the guiding layer. However, an excessive increase in the guiding layer thickness leads to a reduction of wave energy density and the mass sensitivity decreases [69] . Therefore, there is an optimal guiding layer thickness at which a maximum mass sensitivity is achieved for a specific wavelength.
In those applications where a coating layer in contact with a liquid is deposited over the sensing area, such is the case for biosensors, both changes in the surface mass density Δσ and in the mass viscosity Δ(ρ C η C ) 1/2 of the coating occur, due to the biochemical interaction between the coating and the liquid medium. In this case, the sensitivity can be modeled by the four components matrix shown in Eq.(25) [15] . These components relate shifts in surface mass density and in mass viscosity to the measured electrical signals: phase shift φ and Insertion Loss (IL). The matrix components relate shifts of surface density Δσ and mass viscosity Δ(ρη) 1/2 to shifts of electrical phase Δφ and signal attenuation ΔIL. Notice that S φ,σ is not the same than S φ σ in Eq. (22) . , ,
, ,
Generally, the high sensitivity of microacoustic sensors is closely related to the fact that they show a high temperature stability (low TCF) and a large signal-to-noise ratio, which, in turn yields low detection limits and a high resolution of the sensor [13] . The limit of detection (LOD) is a very important characteristic of acoustic biosensors, since it gives the minimum surface mass that can be detected by the device. It can be directly derived from the ratio between the noise in the measured electrical signal N f and the sensitivity of the device. For instance, in a closed loop configuration, this noise N f is the RMS value of the frequency measured over a given period of time in stable and constant conditions [32] . It is usually recommended to measure a signal variation higher than 3 times the noise level in order to conclude from an effective variation [70] . From this recommendation, it comes out that the LOD is given by [32, 71] :
where f is the operation frequency.
The LOD is improved by minimizing the influence of temperature on the sensor response [13] . The stability with respect to temperature can be achieved by implementing temperature control in the biosensor system and choosing materials of low TCF, as seen in Section 2.1.
LW packaging and flow cells
Flow cells are usually constructed with an inlet at one side, an outlet at the other, and the channels facing the sensor (see Figure 9 ). In most cases, a rubber seal is used for sealing, and in LW flow-cells additional absorbers made with rubber materials at the ends of the IDTs are recommended to improve the signal response (see Figure 9b ). Factors such as the flow cell design, flow patterns and flow-through system influence the binding efficiency and the course of binding kinetics, resulting in possible variations of the true results [72] .
The permittivity and the dielectric losses of the liquid medium, necessary in LW biosensors applications, influence the propagation of Love modes, since this medium acts as an additional layer. When the liquid medium is deposited over the device surface, the presence of this medium over the IDTs modifies the electrodes transfer function [73] . Permittivity and dielectric losses of the liquid lead to a corresponding change of the IDT input admittance, which influences the amplitude of the signal. A flow-through cell is crucial to eliminate this electric influence of the liquid. Such flow-cell isolates the IDTs from the liquid, confining the liquid in the region between the IDTs (sensing area). LW device packaging or flow-cells generally use walls to accomplish this purpose. These walls, when pressed onto the device surface, disturb the acoustic wave, resulting in an increase in overall loss and distortion of the sensor response. Walls must be designed to minimize the contact area in the acoustic path in order to obtain the minimum acoustic attenuation (see Figure 9c ). It is known that the acoustic wave is significantly affected when increasing the walls width [27] and that materials used for these walls play an important role. Hence, great care must be taken to ensure that the designed LW flow cells do not greatly perturb the acoustic signal. Recently, some researchers have explored different possibilities to achieve the packaging of LW sensors for fluidic applications [27, 74] and other authors have being exploring different LW flow-cell approaches [53, 75, 76] . Further improvements for LW biosensors flow cells can be achieved, since it is an entirely new field and the development trends moves towards smaller flow cells which allows the use of less analyte. For instance, investigation on the materials used for creating flow cells, packaging, and flow patterns in microfluidic channels [72] would enhance LW performance and move them faster to the lab-on-a-chip arena.
LW biosensors state-of-the-art
The first approaches employing LW for biochemical sensing were reported in 1992 by Kovacs et al. [77] and by Gizeli et al. [78] , who first demonstrated the use of such devices as mass sensing biosensors in liquids. However, it was not until 1997 that LW acoustic devices were used to detect real-time antigen-antibody interactions in liquid media [46] .
In 1999, a contactless LW device was built in order to protect electrodes from the conductive and chemically aggressive liquids used in biosensing [79] . The advantage of this technique is that no bonding wires are required.
In 2000, a dual channel LW device was used as a biosensor to simultaneously detect Legionella and E. coli by Howe and Harding [80] . In this approach a novel protocol for coating bacteria on the sensor surface prior to addition of the antibody was introduced. Quantitative results were obtained for both species down to 10 6 cells/mL, within 3 h.
In 2003, a LW immunosensor was designed as a model for virus or bacteria detection in liquids (drinking or bathing water, food, etc.) by Tamarin et al. [47] . They grafted a monoclonal antibody (AM13 MAb) against M13 bacteriophage on the device surface (SiO 2 ) and sensed the M13 bacteriophage/AM13 immunoreaction. The authors suggested the potentialities of such acoustic biosensors for biological detection. The same year, it was shown that mass sensitivity of LW devices with ZnO layer was larger than that of sensors with SiO 2 guiding layers [48] . The authors of this work monitored adsorption of rat immunoglobulin G, obtaining mass sensitivities as high as 950 cm 2 /g. They pointed out that such a device was a promising candidate for immunosensing applications.
An aptamer-based LW sensor which allowed the detection of small molecules was developed by Schlensog et al. in 2004 [81] . This biosensor offers an advantage over immunosensors, since it does not require the production of antibodies against toxic substances. A LW biosensor for the detection of pathogenic spores at or below inhalational infectious levels was reported by Branch et al. in 2004 [20] . A monoclonal antibody with a high degree of selectivity for anthrax spores was used to capture the non-pathogenic simulant Bacillus thuringiensis B8 spores in aqueous conditions. The authors stated that acoustic LW biosensors will have widespread application for whole-cell pathogen detection.
Moll et al. developed an innovative method for the detection of E. coli employing an LW device in 2007 [49] ; it consisted of grafting goat anti-mouse antibodies (GAM) onto the sensor surface and introducing E. coli bacteria mixed with anti-E. coli MAb in a second step. The sensor response time was shorter when working at 37°C, providing results in less than 1 hour with a detection threshold of 10 6 bacteria/mL. More recently, the same group described a multipurpose LW immunosensor for the detection of bacteria, virus and proteins [82] . They successfully detected bacteriophages and proteins down to 4 ng/mm 2 and E.coli bacteria up to 5.0 × 10 5 cells in a 500 μL chamber, with good specificity and reproducibility. The authors stated that whole bacteria can be detected in less than one hour.
Andrä et al. used a LW sensor to investigate the mode of action and the lipid specificity of human antimicrobial peptides [83] . They analyzed the interaction of those peptides with model membranes. These membranes, when attached to the sensor surface, mimic the cytoplasmic and the outer bacterial membrane. A LW immunosensor was used in 2008 by Bisoffi et al.
[84] to detect Coxsackie virus B4 and Sin Nombre Virus (SNV), a member of the hantavirus family. They described a robust biosensor that combines the sensitivity of SAW at a frequency of 325 MHz with the specificity provided by monoclonal and recombinant antibodies for the detection of viral agents. Rapid detection (within seconds) for increasing virus concentrations was reported. The biosensor was able to detect SNV at doses lower than the load of virus typically found in a human patient suffering from hantavirus cardiopulmonary syndrome.
In 2009, it was shown the possibility to graft streptavidin-gold molecules onto a LW sensor surface in a controlled way and was demonstrated the capability of the sensor to detect nano-particles in aqueous media by Fissi et al. [85] . In 2010, a complementary metal-oxide semiconductor CMOS-LW biosensor for breast cancer biomarker detection was presented by Tigli et al. [36] . This biosensor was fabricated using CMOS technology and used gold as guiding layer and as interface material between the biological sensing medium and the transducer.
LW devices were used as sensors for okadaic acid immono-detection through immobilized specific antibodies by Fournel et al. [76] . They obtained three times higher frequency shifts with the okadaic acid than with an irrelevant peptide control line. A LW based bacterial biosensor for the detection of heavy metal in liquid media was reported in 2011 by Gammoudi et al. [86] . Whole bacteria (E. coli) were fixed as bioreceptors onto the acoustic path of the sensor coated with a polyelectrolyte multilayer using a layer by layer electrostatic self-assembly procedure. Changes of bacteria viscoelastic equivalent parameters in presence of toxic heavy metals were monitorized.
A LW-based wireless biosensor for the simultaneous detection of Anti-Dinitrophenyl-KLH (anti-DNP) immunoglobulin G (IgG) was presented by Song et al. in 2011 [87] . They used poly(methyl-methacrylate) (PMMA) guiding layer and two sensitive films (Cr/Au). A LW sensor whose phase shifts as a function of the immobilized antibody quantity, combined with an active acoustic mixing device, was proposed by Kardous et al. [88] in 2011. They assessed that mixing at the droplet level increases antibodies transfer to a sensing area surface and increases the reaction kinetics by removing the dependency with the protein diffusion coefficient in a liquid, while inducing minimum disturbance to the sensing capability of the Love mode. LW sensors have been also used to study the properties of protein layers [40] , DNA [89, 90] and detect the adsorption and desorption of a lipid layer [91] .
Currently, the only commercial LW biosensor system available in the market is commercialized by the German company SAW instruments GmbH. The sensor system can achieve a limit of detection (LOF) of 0.05 ng/cm 2 with a sample volume of 40-80 μL. Senseor company (Mougins, France) has a commercially available microbalance development kit (SAW-MDK1) which consists of a two-channel LW delay lines.
Trends and future challenges of LW sensors
LW biosensors have not been very well recognized by the scientific community [72] nor by the market yet. This might be due to the technological hindrances found for applying this device as biosensor, since it is sensitive to changes in the viscoelastic properties of the coating, which complicates the results interpretation. Reports about applications where mass alterations are separated from viscoelastic effects can enhance the acceptance of LW sensors [72] . Hence, it is necessary to investigate different alternatives for carrying out the procedure of parameters extraction with LW sensors. Nowadays, the trend is the placement of multiple, small, versatile sensors into a network configured for a specific location [10] . LW devices will move into the lab-on-a chip arena during the next years. Nevertheless, LW devices still have some hurdles to clear. LW biosensors packaging needs further development and cost reduction. In addition, much research and efforts are still required addressing the fluidic technology issue. Integration and automation with electronics and flow cells reduce costs of the system and increase the throughput. For a better performance of LW sensors, the combination with other detection methods such as optical [32] or chromatographic [92] are being considered.
Mathematical modeling and simulations of these devices are also essential for the development of new sensors, especially with respect to the study of new materials and wave propagation [72] . Numerical calculations and FEM analysis of LW sensors could help for further understanding of these devices.
